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PVDF-Based Piezoelectric Microphone
for Sound Detection Inside the Cochlea:
Toward Totally Implantable Cochlear
Implants
Steve Park1 , Xiying Guan2, Youngwan Kim3,
Francis (Pete) X. Creighton2, Eric Wei4, Ioannis (John) Kymissis3,
Hideko Heidi Nakajima2, and Elizabeth S. Olson4,5
Abstract
We report the fabrication and characterization of a prototype polyvinylidene fluoride polymer-based implantable microphone
for detecting sound inside gerbil and human cochleae. With the current configuration and amplification, the signal-to-noise
ratios were sufficiently high for normally occurring sound pressures and frequencies (ear canal pressures >50–60 dB SPL and
0.1–10 kHz), though 10 to 20 dB poorer than for some hearing aid microphones. These results demonstrate the feasibility of
the prototype devices as implantable microphones for the development of totally implantable cochlear implants. For patients,
this will improve sound reception by utilizing the outer ear and will improve the use of cochlear implants.
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Introduction
According to the Global Hearing Implants Market
Outlook 2020 report, the hearing implants market will
reach $2.9 billion by 2020, with cochlear implants (CIs)
projected to occupy the largest share. CIs are neural
prosthetic devices that restore a sense of hearing to
severe to profoundly deaf individuals. According to the
National Institute on Deafness and Other
Communications Disorders, as of 2012 an estimated
324,000 people received CIs worldwide, with about
96,000 CI users in the United States alone, making CIs
the most implanted neural prosthetic devices.
Individuals requiring CIs typically suﬀer from
damaged or missing cochlear hair cells. The primary
role of hair cells is to convert sound-driven intracochlear
vibration into electrical signals, which subsequently
stimulate the auditory neurons. CIs work by picking
up sound using a microphone located externally above
the pinna, and with an external processor, convert the
microphone output into electrical pulses that are trans-
mitted internally using a transmitter or receiver to ﬁnally
stimulate the auditory neurons using an array of elec-
trodes implanted in the cochlea. Despite the improve-
ments in CIs in recent years (Crathorne et al., 2012;
Wilson & Dorman, 2008a, 2008b; Zeng, Rebscher,
Harrison, Sun, & Feng, 2008), CIs still have a number
of limitations. One of the main limitations is CI users’
diﬃculty hearing in the midst of multiple sound sources.
This is in part due to the lack of sound localization
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capability of CIs because of the location of the external
microphone (without the advantage of the outer ear for
directionality). Another limitation of CIs is the presence
of external components that render the use of CIs diﬃ-
cult under various situations such as sporting activities.
Users typically cannot wear CIs during sleep, preventing
hearing at all times, which impacts children’s brain
development. The external component of the CI can be
a cosmetic issue and a discomfort for patients, and the
daily maintenance and positioning required of the exter-
nal component can be inconvenient and diﬃcult for the
very young and elderly. A totally implantable CI device
would address these issues, but requires overcoming sev-
eral technical hurdles including miniaturized and low-
power electronics (Yip, Jin, Nakajima, Stankovic, &
Chandrakasan, 2015) and implantable microphones.
Implantable microphones in particular would improve
current CI systems by making use of the acoustic cues
produced by the outer ear and ear canal. An implanted
microphone will result in improved binaural cues and
generate a signal that better represents normal hearing
to CI users. In addition to its primary signal transduc-
tion role, the implanted microphone can also serve as a
monitoring device useful for implant placement and
maintenance. An implantable device could, for example,
provide information about postimplantation scarring
by measuring the intracochlear sound pressure.
As another example, the intracochlear pressure might
undergo an abrupt change upon stimulation of the
stapedius muscle reﬂex, and using the implanted
microphone to detect the stapedius muscle contraction
could be used for setting the correct stimulus range in
young children.
In this article, we report on an intracochlear micro-
phone based on the piezoelectric polymer PVDF (poly-
vinylidene ﬂuoride) that detects the sound pressure inside
the ﬂuid-ﬁlled cochlea. PVDF has high elastic compli-
ance, high resistance to radiation and chemicals that
allow sterilization before implantation, and a broadband
frequency sensitivity that covers the human speech
range. Because PVDF can be shaped into various
shapes and dimensions, the desired devices can be readily
fabricated. PVDF has previously been used in a variety
of applications such as cardiorespiratory monitoring
(Choi & Jiang, 2006), energy harvesting devices (Cha
et al., 2011; Mao et al., 2014; Pi, Zhang, Wen, Zhang,
& Wu, 2014; Yu et al., 2016; Zabek, Taylor, Boulbar, &
Bowen, 2015), tactile sensing (Khan, Tinku, Lorenzelli,
& Dahiya, 2015; J. S. Lee, Shin, Cheong, Kim, & Jang,
2015; Persano et al., 2013), acoustic sensing (Chocat
et al., 2012; Lang, Fang, Shao, Ding, & Lin, 2016; Xu,
Dapino, Gallego-Perez, & Hansford, 2009), and textile
sensing (A˚kerfeldt, Lund, & Walkenstro¨m, 2015;
Krajewski, Magniez, Helmer, & Schrank, 2013;
Nilsson, Lund, Jonasson, Johansson, & Hagstro¨m,
2013). PVDF and other piezoelectric materials have
been used to make biomimetic artiﬁcial hair cells;
however, these devices generally are not conﬁgured as
practical medical devices (Inaoka et al., 2011; H. S. Lee
et al., 2014). Other groups have built piezoelectric sen-
sors from ceramic piezoelectrics for cochlear sensing and
actuation (Luo et al., 2015; Zhao, Knisely, & Grosh,
2017) and an implantable microphone based on a micro-
electromechanical systems (MEMS) condenser micro-
phone is under development (Pﬁﬀner et al., 2017). In
this article, we describe the development and multifa-
ceted testing of a simple, robust PVDF sensor
for measuring intracochlear pressure, which could be a
component of a totally implantable CI.
Results
b-phase PVDF thin-ﬁlms, 50 mm in thickness, were pro-
vided by Measurement Specialties, Norristown PA.
The b-phase crystalline structure can be obtained by
mechanical stretching along the one-direction and
poling along the three-direction by applying a strong elec-
tric ﬁeld at high temperatures, then lowering the tem-
perature to lock the domains in their poled state
(Figure 1(a); Dickens, Balizer, Dereggi, & Roth, 1992;
Li, Kagami, & Ohigashi, 1992). Sixty to hundred nano-
meters thick patterned Au or Ag contacts were deposited
on the top and bottom surface of the PVDF ﬁlm using
shadow masking (Figure 1(b)). The area where the two
electrodes overlap is the capacitor that generates the sur-
face charges used for voltage measurement, which we
hereon refer to as the active area. Due to the roughness
of the PVDF surface, an electrode width greater than
100 mm was needed to prevent the electrodes from break-
ing and generating an open circuit. In another set of
devices, Au or Ag contacts were deposited without
shadow masking, in which case the entire area of the
device was the active area.
Figure 1(c) is a plot of the capacitance of a patterned
PVDF device with an active area of 33mm2, as a
function of frequency from 100 to 50,000Hz.
Supplementary Figure S1 shows the dielectric permittiv-
ity and dissipation factor versus frequency plot (source:
Measurement Specialties). Since the relative dielectric
constant of PVDF is 12 to 13, the predicted capacitance
of this PVDF device was 70 pF, and we conﬁrmed
this value experimentally. The capacitance decreased
slightly above 15 kHz. However, at 50 kHz, the drop
was only 14%, and reduced sensitivity was not appar-
ent in our calibrations to at least 40 kHz (Figure 3). The
full frequency range for human hearing is 20 to
20,000Hz.
The general equation of electric displacement
D (coulomb/m2) along the three-direction for a
PVDF ﬁlm that is unidirectionally poled along the
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three-direction (in the absence of externally applied elec-
tric ﬁeld) is,
D3 ¼
X3
j¼1
d3jj ð1Þ
where d3j is the piezoelectric strain constant with the left
subscript indicating internal electric ﬁeld direction and
the right subscript indicating stress direction, and j is
the applied pressure with the subscript indicating stress
direction. For a purely compressive mode along the
three-direction, Equation (1) reduces to D3¼ d333,
whereas for a purely stretch mode along the one-direc-
tion, Equation (1) reduces to D3¼ d311. The speciﬁed
values of d33 and d31 of PVDF are 33 1012 and
23 1012 C/N, respectively. Normally, to generate s1
under bending, the PVDF ﬁlm needs to be attached on
a thicker material so that the neutral axis is outside of the
PVDF ﬁlm. The total voltage generated across the
PVDF ﬁlm (VPVDF) is given by,
VPVDF ¼ D3
cPVDF
¼ D3
oPVDF=tPVDF
ð2Þ
where cPVDF is the capacitance per unit area, 0 is the
permittivity of free space, PVDF is the relative dielectric
constant of PVDF, and tPVDF is the thickness of
the PVDF sheet. Assuming pure compression (i.e.,
D3¼ d333), the intrinsic pressure sensitivity (V/Pa)
of the PVDF ﬁlm is predicted to be 15.5mV/Pa.
This value, according to Equation (2), is independent
of the size of the active area; however, the measured
output voltage will only attain this value if the sensor
is not loaded electrically (e.g., it connects to a very
high impedance ampliﬁer or buﬀer, as we discuss quan-
titatively below).
Figure 2(a) is a circuit diagram of the PVDF device
connected to an ampliﬁer. Equation (3) expresses the
voltage going into an ampliﬁer (VIN), which depends
not only on the voltage generated by the PVDF
(VPVDF) but also on the relative values of the output
impedance of the PVDF device (ZO.PVDF) and the
input impedance of the ampliﬁer (ZI.AMP).
VIN ¼ VPVDF ZI:AMP
ZI:AMP þ ZO:PVDF
¼ VPVDF j!CI þ 1=RIð Þ
1
j!CI þ 1=RIð Þ1þ j!CPVDFð Þ1
ð3Þ
The output impedance of the PVDF sensor (ZO.PVDF)
is primarily capacitive, equal to 1/(j!CPVDF), where ! is
the angular frequency in radians. The input impedance
of our ampliﬁer, based on the speciﬁcations (PARC
EG&G) is modeled as a 100M resistor (RI) and a
15 pF capacitor (CI) in parallel; therefore,
ZI,AMP ¼ j!CI þ 1=RIð Þ1. The voltage ampliﬁer that
we have used was reasonable for initial bench testing
due to its low noise and high input impedance; however,
we note that another ampliﬁer (e.g., a charge ampliﬁer)
Figure 1. (a) Molecular structure of b-phase PVDF and a schematic depiction of PVDF film with labeled axes. (b) Schematic of PVDF
device with electrodes patterned on top and bottom surface of PVDF film. The overlapping area is the active area where surface charge or
voltage is measured. (c) Capacitance as a function of frequency of a PVDF device measured with applied voltages of 0.5 V and 1V.
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should likely be used for implementation in CIs.
Figure 2(b) is the expected sensitivity versus frequency
plot, assuming pure compression and with PARC gain
of 1,000, for PVDF devices with diﬀerent active areas:
40, 20, 10, and 1mm2. As the size of the active area gets
smaller, the predicted output voltage decreases. This is
due to decreasing CPVDF with decreasing active area,
which in turn will increase the output impedance of the
PVDF device. Also, for all of the devices, the output volt-
age decreases as frequency decreases due to the increase in
output impedance of the PVDF device as frequency
decreases in comparison to the input impedance of the
ampliﬁer, which saturates at RI. The half power points
(frequency at which output voltage drops by 1=
ﬃﬃﬃ
2
p
) for
PVDF devices with active areas equal to 40, 20, 10, and
1mm2 are 29.3, 44.4, 61.2, and 98.1Hz, respectively.
Since our devices need to be inserted into the cochlea,
the width of our device is limited by the diameter of the
round window and scala tympani (ST), which is 0.5mm
for gerbil and 2mm for human cochleae. Such a limita-
tion in width sets a limit on the size of our active area,
which, as described above, can compromise the output
voltage signal. Hence, we conducted preliminary testing
on the dependence of output voltage and signal-to-noise
ratio (SNR) on the active area. Sound of varying pressure
was applied to each PVDF device by connecting one end
of a rubber tube to a speaker and suspending the other
end of the tube at a ﬁxed height above the PVDF devices
(Figure 2(c)). The devices were ﬁrmly taped to glass slides
to predominantly restrict them to strain along the three-
direction (compression). The induced sound was cali-
brated using a commercially available microphone
(Sokolich ultrasonic microphone). For each sound pres-
sure, tones of frequency ranging from 10 to 20kHz were
applied in steps of 100Hz (Supplementary Figure S2). The
tones were 1 s in duration and the amplitudes of the
responses were found after conducting a fast Fourier
transform of the measured responses. To minimize elec-
tromagnetic pickup, we placed the PVDF device in a
grounded aluminum box. The speaker was outside of
the box and its acoustic output was delivered via a
rubber tube. The noise and pickup level was found by
Figure 2. (a) Circuit diagram of PVDF device connected to an amplifier. (b) Expected sensitivity (V/Pa) as a function of frequency of PVDF
devices with different active areas (40, 20, 10, and 1mm2), when amplified with a PARC amplifier with a gain of 1,000. Pure compression
mode (d33) is assumed. (c) Schematic depiction of PVDF device being stimulated with sound pressure. (d) Plot of signal-to-noise ratio as a
function of sound pressure for devices with different active areas. (e) Plot of output voltage (with amplifier gain of 1,000) as a function of
sound pressure for devices with different active areas. Data points close to the noise level were omitted. For (d) and (e), output voltage
from 10 to 20 kHz were averaged, and the noise and pickup level were measured with the sound source removed. The x-axes in (d) and
(e) are labeled in both dB SPL and Pa. The conversion is dB SPL¼ 20log(P/20 mPa).
PVDF¼ polyvinylidene fluoride.
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measuring the output voltage with the tube removed.
Supplementary Figure S3 shows the reduction in pickup
level with the PVDF device in a grounded aluminum box.
Figure 2(d) and (e) shows the plots of SNR and output
voltage (with gain of 1,000) found by taking the average
response over the 10 to 20kHz range at each sound pres-
sure level. The sensitivity of the devices can be calculated
from the slope of the plot in Figure 2(e), which is 45, 43,
21, and 6mV/Pa for devices with active area equal to 40,
20, 10, and 1mm2, respectively. These values are within
about a factor of 3 of the expected sensitivity values from
Equation (3) (13.5, 11.5, 9.08, and 1.98mV/Pa for devices
with active area equal to 40, 20, 10, and 1mm2, respect-
ively). The experimental values are slightly larger than the
expected, which may have resulted from imprecision in
sound calibration. The agreement between measurement
and prediction is reasonable. As predicted by Equation
(3), with decreasing active area, both the sensitivity and
SNR decreases. This eﬀect sets a limit on the minimum
sound pressure that can be detected. For the device with
1mm2 active area, the sound pressure detection limit was
60dB SPL, whereas for devices with larger active area,
sound pressures down to 40dB SPL were detected.
These results conﬁrm the importance of device size for
attaining reasonably high output voltage signal and
SNR at normally occurring sound frequencies and pres-
sures. The results also highlight the desire for a high-input
impedance ampliﬁer or a charge ampliﬁer for the ﬁrst
stage of signal ampliﬁcation, and the beneﬁt of the devel-
opment of lower output impedance PVDF devices. These
topics are subjects of our future work.
Because the cochlea is ﬂuid-ﬁlled, the PVDF device
needs to be encapsulated with an insulator to prevent the
shorting of the electrodes. Therefore, we fabricated the
device as seen in Figure 3(a) and (b). A PVDF device of
0.5mm and 15mm in width and length (area 7.5mm2)
was fabricated with the top and bottom electrodes covering
the entire area of the device to maximize the active area,
thereby maximizing output voltage. The dimensions were
chosen so that the device can ﬁt along the length of human
cochleae. This PVDF device was then injection molded into
a 0.6mm diameter PDMS (polydimethylsiloxane) cylinder
(Platsil 71-11 RTV silicon rubber, Polytek, Easton PA).
Silicone rubber is used to encapsulate conventional CIs,
which are meant to last a lifetime. The properties and lon-
gevity of the materials used in CIs have been previously
Figure 3. (a) Schematic of a PVDF device encapsulated in PDMS cylinder. The length and width of the PVDF film were 15mm and 0.5mm,
respectively. The diameter of the PDMS cylinder was 0.6mm. (b) Optical image of the PVDF device encapsulated in PDMS cylinder. (c) Plot
of sensitivity as a function of sound frequency for a PVDF device inside an air pressure chamber. Sound pressure was delivered at two
levels, 80 and 100 dB SPL. Inset is an image of the air pressure chamber. The PVDF device was inserted into the small opening indicated by
the black arrow. (d) Spectral plot (after a gain of 1,000 using the voltage amplifier described in Figure 2) of the response to a sound
delivered at 80 dB SPL and 7 kHz.
PDMS¼ polydimethylsiloxane; PVDF¼ polyvinylidene fluoride.
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reviewed (Sto¨ver & Lenarz, 2009). The injection molding
procedure was as follows: After mixing the PDMS two-
part formulation, it was degassed with a vacuum pump
and then pulled (using pump-generated suction) into
rubber tubes of inner diameter 0.6mm that held the
metal-deposited PVDF strips. After curing (typically over-
night at room temperature), the outer rubber tube was
sliced open with a blade to release the encapsulated
PVDF device. We ﬁrstly tested the devices in an air pressure
chamber, as seen in the inset of Figure 3(c). The encapsu-
lated PVDF device was inserted into the small opening
indicated by the arrow. The chamber was connected to
both a speaker (BNC connection on bottom) and a Bruel
and Kjaer ¼00 microphone (would be connected on the
right). Figure 3(c) is a plot of sensitivity (dBV/Pa) versus
sound frequency with a gain of 1,000. The stimulus fre-
quency varied from 1 to 60kHz and the pressure level
was 80 and 100dB SPL. The PDMS-embedded sensor is
expected to experience a complex and frequency-dependent
strain ﬁeld. The response in Figure 3(c) shows peaks and
valleys, with the ﬁrst resonance at 8kHz, that are likely
due to mechanical resonances in the PDMS cylinder.
Therefore, there is not a simple prediction for the voltage
output, as we have done for Figure 2(d) and (e) (i.e., a single
sensitivity value cannot be deﬁned over a broad range of
frequencies). Figure 3(d) is a spectral plot of the response
to a pressure of 80dB SPL at 7kHz (the most sensitive
frequency), showing SNR of 45dB, measured with
a 1Hz bandwidth. The SNR value will diﬀer at diﬀerent
frequencies due to the peaks and valleys in the signal, as
seen in Figure 3(c). From 1 to 40kHz, at 80dB SPL, the
average SNR was 30dB. Hence, sound pressure needs to
be above 50dB SPL for SNR> 1.
We conducted further testing of the device in vivo in
the cochlea of a gerbil, as seen in Figure 4. The gerbil is a
rodent often used in auditory research. The animal was
anesthetized and surgery was performed to expose the
cochlea. At the end of the experiment, the gerbil was
euthanized with an overdose of anesthetic. The proced-
ures were approved by Columbia University’s
Institutional Animal Care and Use Committee. Once
anesthetized, sound was delivered to the ear canal with
a closed sound system that also contained a microphone
for monitoring the sound level. Intracochlear pressure
was measured with a ﬁber optic pressure sensor devised
for such measurements and details on that pressure
sensor and the animal preparation can be found in
Olson (1998). Because the PVDF sensor was too large
Figure 4. (a) Schematic of fiber optic and PVDF pressure sensor inserted into the round window of a gerbil cochlea. (b) Plot of output voltage
(after a gain of 1,000) measured with PVDF sensor (red square) and pressure in the scala tympani measured with fiber optic pressure sensor
(black circle). (c) Plot of phase measured with fiber optic pressure sensor (black circle), PVDF sensor premortem and before disarticulation (red
squares), postmortem (blue triangles), and after disarticulation (greed diamonds). (d) Plot of output voltage (after a gain of 1,000) measured with
PVDF sensor premortem or before disarticulation (red squares), postmortem (blue triangles), and after disarticulation (green diamonds).
PVDF ¼ polyvinylidene fluoride.
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to be inserted deeply into the gerbil cochlea, this was
simply a test that pressures within the cochlear ﬂuids
could be monitored with the PVDF sensor and that the
device did not problematically pickup the cochlea’s hair
cell-based responses to sound, or the electrical signals
driving the speaker. Figure 4(a) shows a schematic of
the PVDF device placed just within the cochlea’s round
window opening after removing the round window mem-
brane. The sound pressure delivered to the ear canal was
100 dB SPL, over a range of frequency from 0.2 to
50 kHz. The ﬁber optic pressure sensor was used ﬁrst
and was inserted approximately 0.5mm down the coch-
lear spiral in the ST, which is a location fairly close to the
round window opening. It measured the intracochlear
sound pressure shown as black circles in Figure 4(b).
The intracochlear pressure at this location is relatively
small at the lower frequencies due to the mass-dominated
mechanical impedance to pressure ground at the round
window. The linearly decreasing phase versus frequency
in Figure 4(c) (black circle) is the familiar middle ear
delay, with a value of 25 to 30 ms in gerbil. The red
squares in Figure 4(b) show the output voltage measured
with the PVDF device. Ideally, the frequency response
measured with the PVDF sensor would align with the
pressure frequency response measured with the ﬁber
optic sensor. The phase versus frequency response mea-
sured with the PVDF sensor (red square) in Figure 4(c)
shows the familiar linearly decreasing phase due to the
middle ear delay. This provides compelling evidence that
the PVDF sensor was primarily measuring intracochlear
responses (as opposed to the sound signal in the air or
electromagnetic pickup from speaker). The PVDF sensor
amplitude in Figure 4(b) tracks the pressure as measured
with the ﬁber optic sensor well until 9 kHz, where there
is a notch and drop-oﬀ of more than 10 dB. This add-
itional frequency structure in the PVDF sensor response
could be due to the fact that the PVDF was not inserted
as deeply into the cochlea as the ﬁber optic sensor, or
might be due to a resonance in the PDMS-embedded
device, since such resonant behavior was apparent in
Figure 3. The average sensitivity of the PVDF sensor
below 9 kHz was 20mV/Pa. This value was twice as
large as the predicted value from Equation (3), 9mV/
Pa. The diﬀerence in these values is again likely due to
the complex and frequency-dependent strain ﬁeld of a
PDMS-embedded sensor. Furthermore, the pressure gra-
dients close to the round window opening might have
caused additional complex behavior. Further study is
required to understand these complex vibration modes
and is a subject of future work.
As seen in Figure 4(c) and (d), the phase and output
voltage of the PVDF sensor output did not change post-
mortem (blue triangles), and this is as expected since the
sensor was distant from the sensory tissue. Also, this
indicated that the sensor was not picking up the cochlea’s
hair-cell-based electrical activity, since this disappears
rapidly postmortem. Upon disarticulating the ossicular
chain (e.g., middle ear), the sensor response fell by
20 dB over most frequencies, while the phase was no
longer aligned with previous measurements (green dia-
monds). This is as expected since the middle ear drives
the cochlea and generates most of the intracochlear pres-
sure. It also demonstrates that the original measurements
with articulated middle ear were not artifact (e.g., not
electromagnetic pickup from the speaker). Overall, this
in vivo test showed that there were no unanticipated
problems with an intracochlear measurement and
encouraged the next set of tests in fresh human cadaveric
temporal bones.
Figure 5(a) is a schematic of the experimental setup of
the sound pressure measurement inside the human coch-
lea. A charge ampliﬁer was used in these experiments,
with sensitivity of 0.2V/pC (C¼ coulomb). (Note: The
input impedance of a charge ampliﬁer does not need to
be taken into consideration, since the input is a virtual
ground, with output voltage proportional to charge
delivered to the virtual ground.) Sound was delivered
to the ear canal, and a hearing aid microphone
(Etymotic) was used to measure the sound in the ear
canal. The PVDF device was inserted into the ST
through the round window as shown in Figure 5(b).
The PVDF microphone was nearly fully inserted into
the cochlea, similar to the surgical insertion of a CI.
We published a related set of temporal bone results
recently in a clinical journal to show proof of concept
without technical details (Creighton et al., 2016) and the
results here are from a similar device on a diﬀerent
experimental day and diﬀerent temporal bone.
Figure 5(c) is a plot of output voltage as a function of
frequency, with the speaker driven at a frequency-
independent voltage level at seven diﬀerent attenuations,
separated by 5 dB. Note that in Figure 5(c), voltage
drive, not sound level was ﬁxed in frequency. Linearity
of the PVDF device output was observed and is
expected, since the ear is linear to very high sound
levels when the cochlea is passive (as in a cadaveric spe-
cimen without the nonlinear activity from the sensory
hair cells), and according to the manufacturer’s technical
speciﬁcations, the PVDF material is linear to extreme
pressure levels >100MPa. The peak around 180Hz
(noticeable at the lower levels) was due to the pickup
of harmonics of 60Hz noise, and improved shielding
from electrical interference is a subject of our future
work. Figure 5(d) is a plot of the output voltage normal-
ized by ear canal pressure and the phase with respect to
the ear canal pressure. The phase shows typical middle
ear delay. Based on previous measurements of scala ves-
tibuli and ST pressures close to the cochlear base
(Nakajima et al., 2009), we can roughly estimate the
ST pressure well within the cochlea (but not very close
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Figure 5. (a) Schematic depiction of experimental apparatus of intracochlear sound pressure measurement using PVDF device. A hearing
aid microphone is used to measure ear canal pressure. (b) Image of PVDF device being inserted into the ST through the round window.
(c) Plot of output voltage of PVDF versus frequency under various sound attenuations. (d) Plot of output voltage or ear canal pressure and
phase relative to ear canal pressure as a function of frequency.
PVDF¼ polyvinylidene fluoride.
Figure 6. Time-domain responses from the (a) PVDF microphone inside cochlea and the (b) Etymotic microphone in the ear canal. Noise
level for the (c) PVDF microphone and the (d) Etymotic microphone obtained by taking FFT of the first second of the time-domain
response when there was no speech.
a.u.¼ arbitrary units.
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to the sensory tissue) to be between 0 and 10 dB greater
than the pressure delivered at the ear canal. With this
information and the data of Figure 5(d), in this conﬁg-
uration, the sensor sensitivity was 5 mV/Pa up to a
0.5 kHz. As a comparison, if the sensor had been oper-
ating in a pure compression mode, we would expect the
following: charge ampliﬁer factor d33 area¼ 2
1011V/C 33 1012 C/N 7.5 106m2¼ 50 mV/Pa.
The predicted sensitivity from pure compression mode
was greater than our measured sensitivity within the
cochlea. Such a discrepancy is not surprising, since the
stimulation, while realistic from the standpoint of how
the device will be used, was not a well-controlled com-
pressive-mode stimulation. Other factors, such as com-
plex resonance behavior of the PDMS-embedded device
and the presence of an air bubble in the cochlea cannot
be ruled out.
In addition to playing tones to the ear canal, as a more
illustrative check of SNR, we removed the speaker and
instead spoke to the temporal bone, measuring the
response with the Etymotic microphone in the ear canal
and the PVDF device in the cochlea. The upper panels
show the time-domain output signal to a speech signal,
I’m testing this microphone for the PVDF device
(Figure 6(a)) and the Etymotic microphone (Figure 6(b)).
The two signals were scaled so that their peaks were
approximately the same size. The time-domain signals
were similar (they are not expected to be identical since
one is measured in the ear canal and the other in the coch-
lea) and the speech in both audio recordings was easily
discernible (Supplementary Audios). It is apparent in the
audio recordings that the SNRof the PVDFmicrophone is
lower than the SNR of the Etymotic microphone. This is
quantiﬁed in Figure 6(c) and (d) by conducting fast Fourier
transform of the ﬁrst second of the signal (in the quiet
period before speaking began) measured with the PVDF
device and Etymotic microphone, respectively. Between
100 and 10,000Hz, the SNR is 10 to 20dB higher for
the Etymotic microphone.
Discussion and Conclusions
This study represents initial steps to develop a fully
implantable CI. In a controlled setting, the PVDF-
based intracochlear microphone prototype had sensitiv-
ity that was reasonably close to what was expected,
based on the material’s piezoelectricity and assuming
compression-mode operation. To maximize the output
voltage, we have maximized the device area, which inev-
itably eliminates the ability to make local pressure meas-
urements. In this work, our goal was to measure the
uniform compressive pressure that ﬁlls the cochlea.
In fresh human cadaveric specimens, the response
tended to drop at frequencies above a few kHz
(Figure 5d). (The frequency response in the gerbil
cochlea (Figure 4) is not worth considering in this vein,
because the device was not fully inserted into the coch-
lea.) The reason for the high-frequency drop-oﬀ in the
cadaveric experiments requires further study, including
studies with independent intracochlear pressure measure-
ments with a calibrated ﬁber optic sensor. Furthermore,
how the signal changes with diﬀerent rotations of the
PVDF device should be explored. The measurements
here point to an SNR in the current device that is 10
to 20 dB too low to provide a signal as clean as that of a
current high-quality hearing aid microphone. The noise
in a PVDF microphone will likely be limited by the
dielectric loss characteristics of the material, which is
relatively high compared to piezoelectric ceramics. The
loss tangent of PVDF reported by the manufacturer,
Measurement Specialties, is 0.02. This is 5 times
larger than the loss tangent reported by the manufac-
turer APC International for a hard ceramic piezoelectric
material composed of PZT (lead–zirconium–titanium).
The noise level in our measurements may or may not
be a PVDF-determined minimum. Optimizing the amp-
liﬁcation was not an aim of this study, whose goal was on
exploring basic feasibility. We are currently working on
improving the ampliﬁcation stage. We are also working
on improved electrical shielding, so that the microphone
can be used in conjunction with a CI. Another planned
improvement is the development of piezoelectric ﬁlm
with higher sensitivity.
The beauty of our prototype device is its great simpli-
city, with CI-like size and shape. It could be incorporated
into a CI with little or no change to the CI’s physical
properties and no change to the surgical technique.
Furthermore, because our intracochlear microphone
senses pressure throughout the length of the CI, it is
less susceptible to limitations imposed by predictable
scarring and bone growth observed especially at the
base of the cochlea after CI implantation. For patients
with intact middle and external ears, which is the major-
ity of CI patients, the beneﬁts of an intracochlear micro-
phone are improved sound localization, ability to use
their device in all activities at all times, ease of use, and
cosmetic appeal. This system points the way to a bright
future for fully implantable CIs.
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